T he development of wearable sensors for in situ, rapid, and low-cost detection of biologically and medically important targets (e.g., heart rate and glucose levels) that are lightweight, comfortable, and small scale will be useful for many applications involving electronic skin, diagnosis, thermal regulation, and communication. 1À14 Depending on the specific applications, nanomaterials including nanowires, nanosheets, and nanoparticles made of inorganic or organic materials have been used because of their high sensitivity and flexibility. 3,15À24 Considering the functional nanostructures used in biosensors, the selection of the detection platform is critical to high sensitivity and reproducibility, including low detection limits, low device-todevice variation, real-time detection, and simple integration with wearable environments (e.g., human skin, clothes, and flexible or rollable electronic devices). Field-effect transistor (FET)-based biosensors are well suited to detecting biomolecules because the exposed semiconductor channel regions can be chemically modified with high-sensitivity functional groups or receptors. 25À28 Specific interactions between receptor groups and their targets alter local electric fields causing variations in channel conductance even at low target concentrations. This control can be due to conformational changes upon recognition in the receptors that are held close to the active element or by displacing environmental charges with neutral, less charged, or oppositely charged components of the receptors. 27 One-dimensional (1D) and twodimensional (2D) nanomaterials such as Si nanowires (SiNWs), carbon nanotubes (CNTs), graphene, and In 2 O 3 or MoS 2 thin-films have been employed as channel materials for FET platforms because of their large surface-tovolume ratios and similar electric potentials of the surface and bulk, thus providing high sensitivity responses. 26 ,27,29À32
The major challenges of using nanomaterials for FET-based wearable biosensors are obtaining both the required conformality and reproducibility. 4, 10, 18, 33 Highly conformal contact of devices on curvilinear, complex surface topologies of biological tissues, skin, electronic devices, and unknown targets is a key feature. 1 Several approaches have been taken to address issues associated with curvilinear and/or irregular surfaces such as using silk fibroin or ultrathin polyethylene terephthalate (PET), and transferring devices by an exfoliating method. 7,21À23,34 Reproducibility is highly related to the material systems, including 1D and 2D growth and integration on devices, and is essential to controlling densities and alignment to obtain electrical uniformity through complex processing. Although these approaches have been significantly improved for realizing conformal and highly sensitive devices, complex processing and materials have been considered in order to address reproducibility. Consequently, simple and large-scale applications of biosensor platforms are highly desirable. To overcome these issues, we proposed and demonstrated sensor arrays based on solution-processed metal oxide semiconductors via simple chemistry with low impurity levels, which are effective for the fabrication of ultrathin films. 27 Simple spin-coating of indium oxide solution formed ultrathin films (∼3.5 nm) with high film density. Ultrathin films can avoid the intrinsic effects of strain such as physical strain and peeling from substrates. 10, 11, 35 Furthermore, oxide surfaces can be straightforwardly chemical functionalized with biochemical moieties.
Here, we advance this strategy to produce highly sensitive, conformal biosensors that can be used for noninvasive health monitoring and are wearable, compared with our previous dopamine sensors on rigid substrates. 27 Two applications are demonstrated initially on artificial skin and eye replicas: measurements of pH and glucose levels. These proposed healthmonitoring platforms not only permitted straightforward processing of sensor-arrays for high flexibility and conformality but also had simple routes for chemically functionalizing the semiconductor surfaces. 36, 37 The pH levels in the human body can change in response to physiologic conditions such as tumorigenesis. 38 Local pH values not only provide important information for drug delivery but also reflect health problems directly. 39 Moreover, blood glucose levels are altered in patients with diabetes mellitus. Currently, regular monitoring requires the use of invasive finger-stick tests to determine blood glucose levels. 40 A noninvasive test for glucose levels in tears is challenging to develop because of the need for glucose detection limits in the range of 0.1À0.6 mM, which is lower than glucose concentrations in blood (2À30 mM in diabetics).
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RESULTS AND DISCUSSION
We developed ultrathin (3.5 nm) and highly uniform indium oxide (In 2 O 3 ) semiconductors via a single spincoating step using hexaaqua metal(III) complexes and annealing at low temperature (250°C). 27 Oxide semi- Simple and facile processing of In 2 O 3 semiconductorbased FETs was then carried out ( Figure 1d ). Typically, solution-processed metal-oxide FETs have poor electrical performance when fabricated via low-temperature processes. 44, 45 The devices produced here, however, showed high saturation mobilities (μ sat ), large on/off ratios, and good switching behavior. We attribute these superior performance characteristics to the use of the nitrate-ligand-based hexaaqua indium(III) cation ([In(H 2 O) 6 ] 3þ ), which easily decomposed at low temperature to form high-density In 2 O 3 films without organic residues, compared to conventional methods. 27, 45, 46 Hexaaqua indium(III) cations were a key component to realizing high-performance In 2 O 3 FETs. Saturation mobilities exceeded ∼20 cm 2 3 V À1 3 s À1 with on/off ratios over 10 7 ( Figure 1e ). The gate-to-source leakage current (I GS, gray line) was below 100 pA. Output curves of In 2 O 3 FETs induced gate voltages between 0 and 40 V (Figure 1f ). We tested and confirmed that the ultrathin In 2 O 3 FETs had good electrical performance after low-temperature processing. To realize pH-and glucose-sensing using flexible transistor platforms, we fabricated ultrathin polyimide (PI) films (2 μm) on glass substrates followed by aqueous processing of In 2 O 3 FETs with interdigitating electrodes (Figure 2a ). Interdigitated electrodes generate strong electric fields and show low current crowding effects. Fabricated devices were carefully delaminated under water, and the hydrophobic PI films were easily stretched and floated in water. Finally, the devices were transferred onto artificial polydimethylsiloxane (PDMS) skin replicas having highly random surface structures. The ultrathin PI films conformably contacted the artificial skin surfaces via ARTICLE van der Waals forces. 47 We demonstrated conformal contacted devices on human skin and an artificial eye ( Figure 2b ). Glucose levels can be detected in tears, urine, saliva, and blood; however, tear glucose levels are lower than in blood and urine. 43 To develop artificial contact lens glucose sensors, 41 these differences in detection ranges need to be addressed (vide infra). We confirmed that conformally contacted films exhibited good adhesion, regardless of relaxation and tension of the hand. S2 ). Although we confirmed low leakage currents of these devices, implanted electronic devices face safety challenges due to possible leakage current due to the lack of grounding electrodes and circuit passivation. Leakage currents can cause fatal damage to the heart tissue, for example, in ionic biologic fluids. 48 To avoid electrical shock and tissue/organ hazards, further work may be needed to improve insulation and/or isolation in such devices before they would be appropriate for internal/implantable use. For a more detailed analysis of conformal contact, we investigated adhesion energies between devices and target substrates. The critical adhesion energy for conformal contact was calculated enabling a prediction of the maximal device thickness that would enable conformal contact. 1, 35 The surface roughness of target substrates was used to define the numerical model ( Figure S3 ). Since the adhesion energy depends strongly on the bending stiffness of devices, stiffness was first calculated based on the mechanical properties of the devices and target substrates (Figure 3a) . Based on the calculated bending stiffness values, we further investigated the relationship between adhesion energy and device thickness with respect to conformal contact. Based on the surface profile, we derived a overlapping two-cylinder model for the numerical modeling of adhesion energy. Since the required adhesion energy in a wet state for conformal contact is 10 mJ 3 m À2 , as described previously, 49 the critical adhesion energy should be less than the required adhesion energy. Thus, the adhesion energy can be calculated as
where γ, EI, R, b, λ, and r are the calculated adhesion energy, device stiffness, radius of the model cylinders, ARTICLE the device width, wavelength, and the arc between overlapped cylinders, respectively. Spontaneous and conformal contact begins to occur at a thickness of 1.77 μm, the critical device thickness (Figure 3b ), which indicates that conformal contact between the devices and the target substrates happens once each device has a thickness less than the critical thickness. We successfully demonstrated conformal contact between the devices (thickness ∼1.7 μm) and PDMS skin replicas (Figure 3b ). To evaluate the flexibility of the In 2 O 3 -based biosensors, we calculated the mechanical strain of the In 2 O 3 films on artificial PDMS skin replicas for the Figure 4a shows a schematic for pH sensing using the ultrathin In 2 O 3 FET-based biosensors developed here via a liquid gate setup. Prior to using FETs for pH sensing, In 2 O 3 surfaces were silanized using amineterminated (3-aminopropyl)triethoxysilane (APTES). A representative plot of the drain current response (I/I o ) vs pH shows that the response linearly decreases from pH 5.5 to pH 9.0 (Figure 4b ). The drain current response eventually saturates at each pH. When pH is increased, the signal increases rapidly and gradually saturates ( Figure S4 ). Thus, saturated values can be used to detect each pH. The linear pH response occurred at a rate of 8.6 ( 0.4 μA/pH unit originating from the deprotonation of APTES amine groups. 56 As shown in Figure S4 , the slow saturation response of the drain current is still a challenge for the rapid detecting systems, and further studies of improved response time in these sensor platforms are required.
The silanized In 2 O 3 surfaces had better pH sensitivity than unsilanized In 2 O 3 FETs due to the APTES terminal amino groups added to the surfaces of the In 2 O 3 films ( Figure S5 ). Noise levels of the devices without APTES were also higher than for devices with APTES. Moreover, unfunctionalized devices exhibited nonlinear behavior over the pH range tested compared to devices with APTES silanization. We posit that acquisition of positive charge due to protonation of surface amine groups alters local FET electric fields causing changes in conductance and, thus, current. This behavior is attributed to variations in surface charge densities. Typically, the H þ concentration depends exponentially on pH values. We therefore predicted that current levels would similarly change exponentially for our devices. 18 Nonetheless, a linear response in pH variations was observed. The response of sensors vary linearly with pH of solution was observed with functionalized amide and OH groups on the surface. 18, 57 To test our devices in a different chemical sensing application, In 2 O 3 -thin-film FET biosensors were used to detect D-glucose. Glucose sensing was based on the oxidation of D-glucose by the enzyme glucose oxidase (Figure 4c) . Typically, previous glucose sensors are based on measuring changes in hydrogen, oxygen, or hydrogen peroxide levels resulting from the enzymatic production of gluconic acid. 58 We explored the 
The production of H þ depends on the concentration of D-glucose, which alters the pH of PBS solution. 
EXPERIMENTAL METHODS
Aqueous Indium Oxide Precursor Solution. Indium oxide precursor solutions were prepared at a concentration of 0.2 M by dissolving 0.3 g of indium nitrate hydrate (In(NO 3 ) 3 3 xH 2 O) in 5 mL of deionized water. After stirring vigorously for 1 h at 30°C, the solution appeared transparent.
Biosensor Fabrication. Substrates were sequentially cleaned in acetone and isopropyl alcohol and treated with ultraviolet (UV) irradiation for 10 min to remove organic residues and to improve solvent wettability. Indium oxide precursor solution was spin-coated on SiO 2 (1000 Å) heavily boron-doped p-type Si wafers or PI/glass substrates at 3000 rpm for 30 s. These substrates were then soft-baked at 100°C for 5 min to eliminate water and annealed at 250°C for 3 h. To evaluate the electrical performance of In 2 O 3 FETs, BGTC structure was used on Si wafers (Figure 1d) . The Au/Cr source and drain (S/D) electrodes (thickness = 30/10 nm) were deposited by thermal evaporation through the shadow mask. The channel region was defined with a width (W) of 1000 μm and a length (L) of 200 μm. Twenty pairs of In 2 O 3 FETs were formed over an area of 1.5 Â 1.5 cm.
Interdigitated electrodes (Au/Cr) were then formed using a standard photolithography process for biosensor fabrication. To prepare conformal substrates, a PI solution was spin-coated on glass substrates at 3000 rpm for 30 s. Samples were annealed in two steps: spin-coated substrates were prebaked at 140°C for 15 min (N 2 inert gas ambient) and annealed at 250°C in air for 1 h. The PI films were ∼1.5 μm thick.
Chemical Treatments for Biosensing. For pH sensing, APTES was self-assembled on indium oxide surfaces using 2% APTES by weight in toluene for 10 min. Samples were immediately cleaned using toluene. For glucose sensing, two steps were added after silanization with APTES. A glutaraldehyde linker (GD) was added to the terminal amino groups of APTES using a solution of 2.5% GD in 1Â PBS for 5 min. The 1Â PBS solution contained 136.8 mM NaCl, 2.7 mM KCl, 8.0 mM Na 2 HPO 4 3 7H 2 O, and 0.26 mM KH 2 PO 4 . Samples were subsequently cleaned using 1Â PBS solution to remove physically adsorbed molecules. Finally, 2 mg of glucose oxidase from Aspergillus niger was immobilized via the GD linker in 1 mL 1Â PBS solution for 24 h. Various concentrations of D-and L-glucose were dissolved in 1Â PBS.
Conformal Sensor Preparation and Mechanical Calculations. As-fabricated In 2 O 3 semiconductors with interdigitated electrodes on PI were delaminated from the underlying glass substrates. Samples were placed in water, and the sensor/PI films were carefully peeled from the glass substrates. The PI films are hydrophobic; hence, these films float in water. Finally, samples were transferred to test substrates with rough surfaces (i.e., artificial PDMS skin or an acrylic artificial eye). Theoretical calculations of adhesion energy, bending stiffness, and conformal contact thickness are detailed in the Supporting Information.
Characterization. X-ray reflectivity (XRR) measurements were performed using a Bede D1 diffractometer to calculate film densities and thicknesses. The morphology of the In 2 O 3 films was investigated using atomic force microscopy (Dimension 5000 SPM, Veeco, now Bruker Nano, Santa Barbara, CA) and scanning electron microscopy (Nova 230, FEI, Hillsboro, OR). Cyclic voltammetry was used to test the redox potential of glucose using a PAR EG&G 273A potentiostat with a Ag/AgCl reference electrode and a platinum-foil counter-electrode. The measurement was performed in 1Â PBS at a voltage sweep rate of 50 mV 3 s À1 and a potential range of 0.2À0.8 V vs Ag/AgCl. Electrical measurements of FET-based sensors were performed using an Agilent 4155C semiconductor analyzer (Agilent Technologies, Inc., Santa Clara, CA).
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